Abstract-One-dimensional (1D) modeling is a powerful tool for studying haemodynamics; however, a comprehensive 1D model representing the entire cardiovascular system is lacking. We present a model that accounts for wave propagation in anatomically realistic systemic (including coronary and cerebral) arterial/venous networks, pulmonary arterial/venous networks and portal veins. A lumped parameter (0D) heart model represents cardiac function via a time-varying elastance and source resistance, and accounts for mechanical interactions between heart chambers mediated via pericardial constraint, the atrioventricular septum and atrioventricular plane motion. A non-linear windkessel-like 0D model represents microvascular beds, while specialized 0D models are employed for the hepatic and coronary beds. Model-derived pressure and flow waveforms throughout the circulation are shown to reproduce the characteristic features of published human waveforms. Moreover, wave intensity profiles closely resemble available in vivo profiles. Forward and backward wave intensity is quantified and compared along major arteriovenous paths, providing insights into wave dynamics in all of the major physiological networks. Interactions between cardiac function/ mechanics and vascular waves are investigated. The model will be an important resource for studying the mechanics underlying pressure/flow waveforms throughout the circulation, along with global interactions between the heart and vessels under normal and pathological conditions.
INTRODUCTION
The cardiovascular system is composed of many interdependent components. From a purely mechanical point of view, its performance is determined by a complex interplay between the contractility, preload and afterload of the four heart chambers, mechanical interactions between heart chambers, and the distributed impedance properties of the respective vascular networks. To gain insights into these interactions, analytical tools for studying the origins and determinants of blood pressure and flow waveforms are of utmost importance. One such tool is one-dimensional (1D) computational modeling, which enables in silico prediction of these waveforms in simulated vascular networks. 2, 8, [14] [15] [16] 69, 89, 91, 104, 116, 128, 130 Another is wave intensity analysis, which can be used to delineate mechanisms underlying the shape of pressure/ flow waveforms and may be applied to both in vivo and model-derived data. 1, 12, 28, 56, 90, 92, 97, 99, 133, 138 The majority of 1D blood flow models in the literature have been open-loop and have focused on the systemic arteries, often with a prescribed aortic inflow. 2, 8, 116 Some investigators have coupled relatively simple cardiac models to open-loop 1D arterial models 104 or to closedloop circulation models in which lumped parameter (0D) methods are used for some of the major networks (often the systemic veins and/or pulmonary circulation). 13, 69, 84 Others have focused primarily on modeling the heart, investigating valve function, atrioventricular flow and inter-chamber interactions, 72, 73, 87, 118 without including anatomically-based vascular models. However, there is currently no comprehensive 1D model of the entire cardiovascular system that includes anatomically realistic 1D vascular networks in all major regions of the circulation, coupled to a 0D heart model that accounts for major inter-chamber interactions. Such a model would be useful for studying wave dynamics throughout the circulation, along with global haemodynamic interactions between the heart and different vascular regions. It would also provide a useful framework for studying a wide range of questions related to cardiovascular disease, including various forms of congenital heart disease and associated palliations in which global interactions are likely to be of crucial importance.
The main goals of this paper were therefore to (1) describe such a model, (2) check the consistency of model-generated pressure/flow waveforms with published data, (3) conduct a preliminary analysis of wave intensity patterns throughout the circulation, and (4) investigate some of the complex interactions between cardiac chamber function and vascular waves.
METHODS

Model Components
This section describes the building blocks of the cardiovascular model. A summary of methods is pro- 
A eff , effective valve orifice area l eff , effective valve orifice length vided where full details are available in previous publications. Model equations are provided in Table 1 and are numbered with a 'T' prefix.
One-Dimensional (1D) Vascular Modeling
The non-linear 1D equations governing pressure, velocity and cross-sectional area in a single vessel segment (Eqs. T1, T2) were implemented as described previously, 87 ,89 noting that we have assumed a flat velocity profile for the convective acceleration term and a profile with a boundary layer for the viscous friction term, as adopted by Alastruey et al.
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; others have incorporated more detailed estimations of the velocity profile for this term, which are particularly important for predictions of wall shear stress. 11, 126 For the viscoelastic pressure-area relation, a power law was used for the elastic term and a Voigt model for the viscous wall term (Eqs. T3, T4). 87 Conservation of mass and continuity of total pressure were assumed at the junction of two or more 1D vessels, 89, 108 thus neglecting any junction-related pressure losses. The governing equations were solved with a finite element method, as described in Mynard et al. 89 The viscoelastic term was neglected at junctions and on internal nodes was treated with the operator splitting technique described by Formaggia et al. 34 and Malossi et al.
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Heart and Valves
For a detailed discussion of the heart model, see Mynard et al. 88 Briefly, the four heart chambers were each represented as a time-varying elastance in series with a pressure-dependent source resistance. 71, 87, 110 Figure 1a shows a schematic of the left or right heart model, which incorporates an atrium with multiple inlet veins, an atrioventricular valve and a ventricle. Three forms of chamber interaction were accounted for, as depicted in Fig. 1 . First, chamber elastances were subjected to an external (pericardial) pressure, modeled as an exponential function of pericardial cavity volume, which in turn is determined by instantaneous heart volume 118 (Fig. 1b , Eq. T5); volume variations in any one chamber therefore affect the external pressure experienced by all chambers. Second, interactions between contralateral chambers via the atrioventricular septum are represented by Maughan et al's method 80 (Fig. 1c , Eq. T6-T7). Third, descent of the atrioventricular (AV) plane contributes to atrial filling during ventricular contraction (Fig. 1d) . This piston-like function formed the basis of a recently proposed alternative to the elastance heart model. 76 In the current work, we took a different approach and incorporated the piston effect into the elastance model for the first time by assuming that AV plane descent decreases effective atrial elastance in proportion to AV velocity, and thereby aids atrial filling. AV velocity was assumed to follow the same waveform profile as the time rate of change of ventricular volume (i.e., ventricular flow, q V ), 76 with the last term in Eq. T6 accounting for this effect.
Heart valves were represented as in Mynard et al.
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with the Bernoulli equation (Eqs. T12-T13) for the pressure-flow relation 119 and dynamic valve motion considered to be a function of the instantaneous transvalvular pressure difference and valve position (Eqs. T14-T15).
Vascular Beds
Three types of vascular bed models were employed. The generic vascular bed model (Fig. 2a) , used for all microvasculature beds except the liver and myocardium, is inspired by the three-element windkessel model and consists of (1) characteristic impedances that couple any number of connecting 1D arteries/veins to the lumped parameter microvasculature (Z art , Z ven ), (2) lumped compliances on the arterial and venous side (C art , C ven ), and (3) a pressure-dependent vascular bed resistance (R vb , Eq. T16). 75, 88, 109 The liver has arterial and venous inlets. To account for the differing pressures of these inputs, arterial flow in the hepatic vascular bed model (Fig. 2b) passes through an extra compartment (R art , C art ) governing the vessels over which pressure drops to a common portal/ arterial pressure in the liver lobules, whose compliance is designated C p/a . 88 In all other respects, this model is the same as the generic vascular bed model.
Intramyocardial coronary vessels experience a large time-varying external pressure caused by the contracting heart muscle. This intramyocardial pressure (p im ) is greatest in the subendocardium and least in the subepicardium. 49 The coronary vascular bed model (Fig. 2c ) is identical to that in Mynard et al. 91 and consists of three myocardial layers (subendocardium, midwall, subepicardium), each containing two compliant compartments (C 1 , C 2 ). Three non-linear resistances (R 1 , R m , R 2 ) in each layer are dependent on blood volume in the two compartments via Eqs. T17-T19. 91 The compliances are subjected to p im , calculated as the sum of cavity-induced extracellular pressure (p CEP , pressure transmitted from the ventricular cavity through the wall) and shorteninginduced intracellular pressure (p SIP , pressure generated mechanically by the thickening heart muscle as it contracts). 4 p SIP is assumed to be directly proportional to effective ventricular chamber elastance, that is,
where a SIP is a constant and 'V' subscripts refer to the left ventricular cavity for the left ventricular free wall and septal myocardium, and the right ventricular cavity for the right ventricular free wall. The model is coupled to a terminal 1D artery and vein via penetrating artery/vein characteristic impedances and compliances (Z pa , Z pv , C pa , C pv ). For further details about the design, implementation and validation of the coronary model, see Mynard et al.
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Model Integration and Parameterisation
This section details how the model components were integrated on the basis of anatomical and functional data, along with approaches for parameter value selection. Where possible, parameters for the model were based on data from healthy, young adults (approximately 20-30 years of age, weight 75 kg, height 175 cm). Overall, the 1D networks contain 396 segments, 5359 nodes and 188 junctions in the 1D networks. The model was implemented in Matlab 2014a (The MathWorks, Inc., Natick, MA, USA). Each simulation was run until a steady state was achieved, defined as a change in peak pressure in all 1D segments of less than 1% between successive cardiac cycles (9 cycles required for the normal baseline simulation).
1D Vascular Networks
The 1D vascular networks are shown in Fig. 3 , with dimensions and connectivity data provided in Supplemental File 1. The systemic arterial network was adapted from previous studies, 8, 89, 116, 130 with Table 1 and the main text.
adjustments incorporated to ensure well-matched junctions in the forward direction. 128 Unlike most previous models, in the present model multiple arteries can terminate in a common vascular bed (e.g., an 'arm' vascular bed rather than separate radial, ulnar and interosseus beds), which simplifies connection to the venous network, since there is not always a one-to-one anatomical relation between arteries and veins.
The systemic venous network was based on anatomical texts 42, 79, 95 and other published data. Venous lengths were estimated from arterial lengths. Venous diameters were first estimated by assuming a vein-toartery diameter ratio of 1.25, where possible, and then adjusting values with the goal of achieving wellmatching coupling in the backwards direction while keeping within the limits of available published data.
Dimensions of the main, left and right pulmonary arteries and four main pulmonary veins were derived from the literature. 30, 62, 88, 135 The remainder of the 1D pulmonary networks were generated using fractal relations as described by Qureshi et al.
and c ¼ r
where the diameter (D) of parent (p) and daughter (d1, d2) vessels are related via the fractal exponent n ¼ 2:76 and asymmetry ratio c ¼ 0:43. 38, 102 The resulting pulmonary arterial and venous networks contained the same number of segments and the same connectivity, in line with the known pairing of small pulmonary arteries and veins. A length/radius ratio of 2.55 was assumed for pulmonary arteries, 52 along with matching lengths for corresponding veins. The 1D network was terminated after a parent radius of 5 mm was reached in both the artery and vein at a particular topological location, leading to 54 pulmonary arteries/veins being included. Small vessels between terminal artery/vein pairs were lumped into generic 0D compartments (see Fig. 2a of the main manuscript).
The portal venous and epicardial coronary networks were based on published human data. 27, 42, 60, 79, 106, 125, 136 Each instance of the coronary vascular bed model was supplied by a single artery and drained by a single vein. To estimate coronary venous dimensions, a vein-to-artery diameter ratio of 1.4 was used for the terminal veins. 58, 59 Starting from the terminal veins, diameters of non-terminal coronary veins were found by repeated application of Eq. (2a), 88 leading to a predicted coronary sinus diameter of 0.79 cm, which compares well with the value of 0.81 measured in humans. 45 Due to the paucity of available wave speed data throughout the vascular networks, reference wave speed (c 0 ) for each 1D segment was set via the empirical formula suggested by Olufsen et al.
where D 0 is a reference diameter, E is Young's modulus, h is wall thickness, q is blood density (assumed to be 1.06 g/cm 3 ). The empirical constants k 1 , k 2 and k 3 were chosen to achieve normal wave speeds in the large vessels for a young adult human and a reasonable increase in smaller vessels (Table 2) .
Similar to Reymond et al. 104 we estimated the following inverse linear dependence of the wall viscosity coefficient (C in Eq. T3) on systemic arterial diameter, based on published dynamic pressure-area relations in dogs and humans, 10, 67 
where b 0 = 400 g/s and b 1 = 100 g cm/s. Although these values are quite approximate, we found that halving b 1 led to no appreciable change in the resulting waveforms; on the other hand, when viscoelastic effects were excluded altogether, unrealisitic (albeit small) high frequency oscillations appeared in peripheral vessels. For the systemic veins and pulmonary vessels, we chose a constant value of C = 200 g/s, which led to a small amount of hysteresis in the pressure-area relation, in agreement with published animal data. 46, 98 Initial pressures in the 1D networks were equal to the reference pressures defining reference cross-sectional area (A 0 ) and wave speed (c 0 ), i.e., 80/5 mmHg (systemic arterial/venous), 11/10 mmHg (pulmonary arterial/venous), and 8.5 mmHg (portal venous). Initial velocity was zero in all segments.
Microvascular Beds
Vascular bed parameters are provided in Supplemental File 2. Resistances at reference transmural pressures (p tm0 ) are reported, with the latter determined as follows. Initial pressures in the 1D networks were used to calculate initial pressures across C art or C ven , by using standard 'DC voltage-division' (i.e., pressure division) equations across the resistors. Initial and instantaneous pressures across C art were then defined as p tm0 and p tm respectively. Systemic vascular bed resistances were based on data in Stergiopulos et al. 116 with values adapted to our model by combining and/or dividing amongst instances of the 0D model where necessary. For example, 'radial', 'ulnar' and 'interosseus' resistances were combined into a single arm/shoulder resistance, which was then divided again into separate arm and shoulder resistances. Values were then adjusted to achieve a normal flow distribution as reported for humans 65 and to achieve normal mean pressure and cardiac output. Hepatic resistances were estimated from published flow and pressure values. 47 For the coronary model, resistances were volumedependent, with Supplemental File 2 displaying reference resistances (R 0 ) at reference volumes (V 0,1 and V 0,2 ) of 2.5 and 8.0 mL/100 g of myocardium (Eqs. T17-T19). 91 Coronary resistances were determined iteratively in order to achieve the flow distribution reported by Fisher et al. 32 As in Mynard et al. 91 myocardial weights (and conductance, the inverse of resistance) were distributed among myocardial regions according to the inverse cube of 1D penetrating artery radii. Resistances were further distributed by assuming R 1 = 1.2R m and R 2 = 0.5R m . 91 The components of intramyocardial pressure (p CEP and p SIP ) were determined as in Mynard et al. 91 with p CEP assumed to vary linearly across the heart wall from ventricular pressure on the endocardium to pericardial pressure on the epicardium (or from left to right ventricular pressure for the ventricular septum). Based on data in Rabbany et al. 103 the value of a SIP in Eq. (1) was 8.2 mL, such that maximum p SIP was 20% of left ventricular cavity pressure.
The distribution of vascular compliance throughout the circulation is given in Table 3 . These values were distributed amongst the respective 0D vascular bed compartments according to the inverse of resistance, having first subtracted out the 1D network compliances.
Cardiac Parameters
Parameter values for the heart chambers and valves are given in Tables 4 and 5 , and were based on in vivo measurements, 21, 23, 57, 68, 69, 78, 100, 105, 121, 137 The input free-wall elastance waveform was a double-Hill function 87, 115 (Eqs. T9-T11, Table 1 ). Initial chamber volumes are given in Table 4 , while initial chamber pressures were calculated from these volumes and the prescribed elastance at end-diastole. The constant relating AV plane velocity to an effective right atrial elastance (l AV in Eq. T6) was estimated to achieve a normal peak systolic/diastolic velocity ratio of 1.6 in the superior vena cava, 6 while left atrial l AV was estimated as 2/3 of the right atrial value based on mitral and tricuspid annulus displacement measurements. 74 Constants governing the pericardial pressure-volume relation were K pc = 0.5 mmHg, V 0,pc = 641 mL and F pc = 40, while pericardial cavity volume (v pc ) was calculated as the sum of instantaneous chamber volumes, pericardial fluid volume (v pcf = 30 mL) and myocardial volume (192 mL). These values resulted in a pericardial pressure of less than 0.5 mmHg under normal conditions. ; and (6) low portal venous flow pulsatility.
RESULTS
Comparisons with In Vivo Data
9,39
Local Wave Intensity
Model-generated pressure, velocity and wave intensity profiles at several key vascular locations are shown in Figs. 5 and 6, noting that wave intensity has been separated into forward and backward components. Waves with positive/negative wave intensity indicate waves propagating in/against the direction of mean blood flow, while compression/expansion waves are associated with an increase/decrease in pressure respectively. The haemodynamic effects and underlying mechanisms of the main waves are summarized in Table 7 .
The aortic wave intensity profile is typical for humans 12 and other species, 56,99 exhibiting a forward compression wave in early ejection (FCW ee ), a forward expansion wave in late systole (FEW ls ) and a small backward compression wave (BCW) signifying vascular wave reflection of the FCW ee . Carotid and brachial wave intensity profiles are similar to the aortic profile, except that the BCW is larger and a mid-systolic forward expansion (FEW ms ) wave coincides with a fall in pressure and flow.
Wave intensity in the main pulmonary artery also contains the FCW ee and FEW ls , but rather than a BCW, exhibits a backward expansion wave (BEW) in early-mid systole, caused by negative reflection of the FCW ee . Nevertheless, a small BCW is present towards the end of systole, while negative reflection of the FEW ls leads to a BCW ls occurring around the time of valve closure.
Waves in the inferior vena cava (IVC) and pulmonary vein (PV) are qualitatively similar. Systolic flow acceleration is initiated by the aspirating effect of atrial relaxation (via BEW ar ) and is sustained by acceleration of AV plane descent (BEW ada ). In late systole, deceleration of AV plane descent reduces flow via a BCW add . Ventricular relaxation then draws blood into the atrium, leading to the diastolic flow peak (BEW vd ), and finally, atrial contraction suppresses venous forward flow (BCW ac ). Figure 7 plots overall peak forward and backward wave intensity (using a logarithmic scale) along six arterio-venous paths, i.e., from ventricle to atrium via the (A) brain, (B) right arm, (C) right leg, (D) abdomen/liver, (E) left ventricular myocardium and (F) right lung, recalling that the FCW ee and BCW ac are the largest waves in arteries and veins respectively. The FCW ee decreases in progressively more distal systemic arteries, although some wave amplification is predicted in the arm (Fig. 7b) . Proximal arterial backward waves are approximately 1-1.5 orders of magnitude smaller than forward waves in all cases, increase in progressively distal conduit arteries, but then decrease again in peripheral arteries. Systemic venous wave intensity is several orders of magnitude smaller than arterial wave Table 7 for definition of wave labels.
Global Wave Intensity
intensity and backward waves are larger than forward waves. Wave intensity is particularly low in portal veins (Fig. 7d) . In the coronary circulation (Fig. 7e) , backward wave intensity almost equals forward wave intensity in distal arteries, while in coronary veins, forward wave intensity is 1-2 orders of magnitude greater than that seen in other systemic veins. Pulmonary arterial wave intensity is approximately one order of magnitude smaller than systemic arterial wave intensity (Fig. 7f) . Note that we have presented the spatial evolution of wave intensity; if this is divided by vessel cross-sectional area to produce a measure of wave energy, forward and backward waves decrease in progressively smaller vessels.
Interactions Between Cardiac Function and Vascular Waves
The influence of cardiac function on major vascular waves is shown in Table 8 . Reducing chamber systolic FIGURE 6. Model-derived pressure (P, black line), velocity (U, gray line) and wave intensity (WI) in the main pulmonary artery, inferior vena cava and left inferior pulmonary vein. See Table 7 for definition of wave labels. or diastolic function, by decreasing maximal or increasing minimal free-wall elastance by 50%, reveals how alterations in the function of one chamber has substantial effects, not only on local waves, but also on 'remote' waves. For example, although depressed LV contractility most significantly affects aortic root FCW ee and FEW ls (by~60%), as would be expected, it also induces changes in pulmonary arterial, vena caval and pulmonary venous waves of between 4% and 38%. Enlarging the right ventricle (by increasing RV V 0 by 150 mL) increases pericardial constraint and reduces wave intensities in all locations by 9-44%. Eliminating septal interactions (j = 0) reveals an appreciable interdependence of vascular waves on pressure transmission from contralateral chambers (up to 25%). Removing the effect of AV plane motion on atrial elastance (l = 0) eliminates the corresponding BEW ada and BEW add waves (see Table 7 , data not shown in Table 8 ), causes a moderate reduction of venous BCW ac and BEW ar (13-21%) and, aside from the MPA FEW ls (17% reduction), has a negligible effect (<5%) on arterial waves.
DISCUSSION
This paper described a comprehensive 1D model of the cardiovascular system. Model-generated haemodynamic waveforms reproduced characteristic features of published waveforms in all parts of the circulation with high fidelity, while predicted wave intensity profiles were closely representative of published in vivo data. The spatial evolution of wave intensity through all vascular networks was investigated for the first BCW backward compression wave, BEW backward expansion wave, FCW forward compression wave, FEW forward expansion wave. Values indicate the percentage change of the specified wave peak intensity magnitude for the specified input parameter change. See Table 1 for further information about input parameters and Table 7 for wave definitions. ac atrial contraction, AoRt aortic root, ar atrial relaxation, BCW backward compression wave, BEW backward compression wave, ee early ejection, FCW forward compression wave, FEW forward expansion wave, IVC inferior vena cava, MPA main pulmonary artery, LA left atrium, LIPV left inferior pulmonary vein, ls late systolic, LV left ventricle, RA right atrium, RV right ventricle, j septal interaction constant (for all chambers), l atrioventricular plane velocity coefficient (mitral and tricuspid).
time, along with the dependence of vascular waves on key aspects of heart function and chamber mechanical interactions.
Novel Aspects
Previous 1D models have mainly focused on the systemic arterial tree, 2, 8, 104, 116 some with a high level of anatomical detail. [14] [15] [16] Others have focused on limited vascular regions such as coronary arteries 91 or the arm. 53 A number of closed-loop models have combined a 1D systemic arterial network with 0D models of systemic veins and the pulmonary circulation. 70 Recently, closed-loop models incorporating 1D representations of the systemic arteries and veins have been presented, with a particular focus on cerebral venous haemodynamics, with simulated flow waveforms compared against MRI data. 84, 85 As far as we are aware, however, no single model has accounted for wave propagation effects, via anatomically realistic vascular networks, in all regions of the circulation including the large systemic/pulmonary arteries/veins, the coronary arteries/veins and portal veins. Our model therefore enabled comparisons of wave dynamics in all regions of the circulation, which would be near impossible to achieve in vivo.
The 1D networks were coupled to 0D heart and microvascular bed models, allowing detailed study of ventriculo-vascular interactions. The windkessel-like vascular bed model has the benefit of enabling connection to an arbitrary and non-matching number of arteries and veins, while the pressure-dependent resistance accounts for an important system non-linearity that is often neglected. Although not focused on in this paper, the detailed 0D coronary model allows study of regional and transmural differences in blood flow dynamics, along with their dependence on heart function via intramyocardial pressure. 91 We also introduced a simple 0D model for representing the arterial and portal venous inputs to the liver. The heart model incorporated three forms of inter-chamber interaction, mediated via pericardial constraint (interaction between all chambers), 118 the atrioventricular septum (left/right chamber interaction) 80 and descent of the AV plane (atrioventricular interaction). The latter was introduced to the elastance model for the first time, on the basis that AV plane descent is a recognized contributor to atrial filling 61, 114, 124 but has received little attention in modeling studies, except for the recent study of Maksuti et al.
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Physiological Insights
Arterial Wave Intensity A major strength of our modeling approach is its ability to add substantial new information to the limited available in vivo human data. Thus, although wave intensity has been measured in several locations in humans, only one study compared wave patterns in multiple locations (carotid, brachial and radial arteries). 138 However, a direct comparison of central aortic and peripheral arterial wave patterns has not been performed. Our model-based comparison of aortic, carotid and brachial arterial wave intensity revealed two noteworthy findings. The first was that the BCW was substantially smaller in the ascending aorta, compared with carotid and brachial sites (Fig. 5) . This supports the notion that the arterial network is designed for optimal forward (but not backward) wave transmission. Second, a FEW ms , designated the 'X-wave' by Zambanini et al. 138 was present in the carotid and brachial arteries but not the aorta. Although some have posited that this wave has a ventricular origin, 93 our results show that this wave can exist in the absence of a corresponding aortic FEW ms , hence supporting the alternative hypothesis that the peripheral FEW ms arises from negative re-reflection of the BCW due to impedance mismatching in the backward direction. 138 In large pulmonary arteries, model data displayed a BEW that arises from negative reflection and augments systolic flow while reducing pressure; this contrasts with the flow decreasing BCW seen in systemic arteries. This wave has been observed in dogs and sheep, 28, 51 while in humans it has been reported in one conference abstract 101 but was absent in two other preliminary reports. 66, 117 Hence, its prevalence, determinants and importance are largely unknown. In future studies, our modeling approach will complement in vivo studies by enabling investigation of how pulmonary arterial network properties influence pulmonary wave reflection.
Venous Wave Intensity
No studies of systemic venous wave intensity exist. The model-derived vena caval wave intensity presented in this paper is therefore novel, albeit primarily predictive. However, the main waves we identified are consistent with well-accepted concepts of venous haemodynamics. In particular, the venous flow waveform was determined almost entirely by atrial pressure fluctuations, that is, by backward waves. 20 Systolic flow was related to the combined effects of atrial relaxation (BEW ar ) and AV plane descent (BEW ada ), while the diastolic flow peak arose from ventricular relaxation (BEW vd ). Systolic flow deceleration was related to deceleration of the descending atrioventricular plane towards the end of systole (BEW add ), while late diastolic flow deceleration (known as the A-wave) was caused by atrial contraction via the BCW ac .
Model-derived pulmonary venous wave dynamics were similar to the systemic side and were consistent with the two available human studies, 50, 112 with all waves predicted by our model being visible in the figures of these papers. However, our model data did not predict a secondary systolic flow peak (known as S2) that is sometimes seen in vivo. 26, 50, 112 Unlike all other features of venous haemodynamics, this appears to be caused by a forward wave, which may arise from negative reflection in the pulmonary venous network 50 or from transmission of the pulmonary arterial forward compression wave. 112 
Global Wave Dynamics
Substantial gaps exist in our knowledge of wave propagation and reflection in the circulation, in part because measurement of wave dynamics on a systemlevel is extremely difficult. A model-based assessment of the spatial evolution of wave intensity along major arterio-venous paths therefore led to several insights regarding global wave dynamics. First, the FCW ee in arteries and the BCW ac in veins decayed with increasing distance from the heart. This was mainly caused by dissipation of wave energy related to vessel wall viscosity, since eliminating wall viscosity (by setting C = 0 in Eq. T3) not only eliminated the decrease, but led to a marked and steady increase of both FCW ee and BCW ac intensity (data not shown). Both this and an increasing FCW ee in the arm in Fig. 7 were caused by non-linear effects that amplify the forward compression wave as it propagates (note that non-linear effects attenuate expansion waves). 90 Such amplification is caused by the pressure-dependence of wave speed, along with convective acceleration and decreasing distensibility related to vessel tapering. 5 Indeed, in additional simulations (not presented here), we found that brachial artery tapering was a major factor leading to wave intensity amplification in the arm; this may explain why such amplification was not found in other regions where the degree of tapering was lower. Whether compression waves grow or decay as they propagate is therefore determined by a balance of counteracting viscoelastic dissipation and non-linear amplification effects, highlighting the importance of accounting for both phenomena in 1D models.
Second, the systemic arterial BCW increased in progressively distal conduit arteries. Although this may also be caused in part by wave dissipation, a wave-trapping phenomenon is likely to be partly responsible, whereby backward waves are re-reflected at vascular junctions. 24, 123 BCW intensity then decreased again in the most peripheral arteries, which may suggest that this wave arises primarily from impedance mismatching related to arterial tapering, rather than mismatching at terminal vascular beds. However, this finding needs to be investigated in further detail.
Third, clear differences in wave intensity were evident in different vascular regions. Wave intensity magnitude was broadly correlated with the operating pressure of the respective vascular networks, being highest in systemic arteries, moderate in pulmonary arteries and lowest in veins. Wave intensity was extremely low in portal veins due to their relative isolation from the heart, with the compliant gastrointestinal vascular beds dissipating ventricular pulsations upstream and the hepatic vascular bed dissipating right atrial pulsations downstream. Conversely, the substantially larger backward/forward waves in coronary arteries/veins compared with other systemic arteries/ veins are consistent with observations that intramyocardial pressure variations have a large effect on coronary haemodynamics. 25 
Cardiac Function, Mechanical Interactions and Vascular Waves
This is the first study to investigate the effects of cardiac chamber function and interactions on vascular waves, a subject that again is difficult to investigate in vivo due to the need for simultaneous high fidelity measurements of cardiac function and vascular haemodynamics, along with the ability to manipulate chamber interactions. Importantly, we found that reducing systolic or diastolic function of any of the heart chambers not only had direct effects on 'local' vascular waves, but also indirect effects on 'remote' vascular waves (e.g., left ventricular function affected not only AoRt waves, but also MPA, IVC and RIPV waves, see Table 8 ). Indirect effects arise from two types of interaction. The first is in-series interaction, where, for example, a reduced LV E max fw decreases LV output, thereby decreasing venous return, RV preload and the RV FCW ee . The second is related to chamber mechanical interactions. Feneley et al. 31 showed that LV pressure is partially transmitted across the ventricular septum into the RV. Our model data suggests that the resulting enhanced RV systolic function then augments MPA FCW ee . Such interactions add a largely neglected layer of complexity to the study of vascular waves and accounting for them may be particularly important in the study of cardiovascular diseases where 'local' pathology may have 'remote' haemodynamic consequences.
Limitations and Future Development
In this paper, only a preliminary analysis of wave dynamics throughout the circulation was possible and future work is needed to build upon these findings. We see the model as a relatively comprehensive framework that can be drawn upon and adapted for investigating a wide range of questions relating to cardiovascular physiology and disease. For example, global interactions are of prime importance in congenital heart disease, which now affects more adults than children. In addition, the model could be adapted to study the effects of aging and 'adult' cardiovascular diseases on wave dynamics. That this requires further consideration is indicated by the aortic root pressure waveform in Fig. 4 , which contained some systolic pressure augmentation more typical of adults older than 30 years of age; 86 the current model therefore does not perfectly represent a young adult.
A number of phenomena were not represented in the model, such as gravity, oxygen transport and homeostatic regulation. We also did not incorporate venous valves or attempt to represent venous collapse dynamics; although unnecessary in the current paper (system venous flow was always positive), these would be needed to study gravitational and intrapleural pressure effects. The lumped vascular bed models were relatively simplistic and did not account for details of microvascular anatomy and flow; however, this approach is sufficient and convenient for studies of large vessel haemodynamics.
CONCLUSION
A comprehensive 1D model of the entire adult cardiovascular system has been presented, including a heart model that accounts for key inter-chamber interactions. We expect this model to be a highly useful resource for studying cardiovascular physiology and disease, particularly with respect to how complex interactions between the heart and vascular networks affect global wave dynamics.
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